Abstract: Vascular disease -including coronary artery disease, carotid artery disease, and peripheral vascular disease -is a leading cause of morbidity and mortality worldwide. The standard of care for restoring patency or bypassing occluded vessels involves using autologous grafts, typically the saphenous veins or internal mammary arteries. Yet, many patients who need life-or limbsaving procedures have poor outcomes, and a third of patients who need vascular intervention have multivessel disease and therefore lack appropriate vasculature to harvest autologous grafts from. Given the steady increase in the prevalence of vascular disease, there is great need for grafts with the biological and mechanical properties of native vessels that can be used as vascular conduits. In this review, we present an overview of methods that have been employed to generate suitable vascular conduits, focusing on the advances in tissue engineering methods and current three-dimensional (3D) bioprinting methods. Tissue-engineered vascular grafts have been fabricated using a variety of approaches such as using preexisting scaffolds and acellular organic compounds. We also give an extensive overview of the novel use of 3D bioprinting as means of generating new vascular conduits. Different strategies have been employed in bioprinting, and the use of cell-based inks to create de novo structures offers a promising solution to bridge the gap of paucity of optimal donor grafts. Lastly, we provide a glimpse of our work to create scaffold-free, bioreactorfree, 3D bioprinted vessels from a combination of rat vascular smooth muscle cells and fibroblasts that remain patent and retain the tensile and mechanical strength of native vessels.
Introduction
Vascular disease is one of largest causes of morbidity and mortality globally [1, 2] . One common form of vascular disease is atherosclerosis, which involves build-up of a plaque and stiffening of the arterial wall, resulting in obstruction of the blood vessel and the induction of ischemic injury. These ischemic conditions have resulted in an ever-increasing need for vascular conduits to either restore patency to the occluded vessels or bypass the occluded regions altogether. For bypass surgery performed to treat occlusive or aneurysmal disease, autologous venous and arterial grafts are the most commonly used vascular conduits. Autologous grafts are grafts that have been harvested from another part of the patient's body, and are usually the saphenous veins or the internal mammary arteries [3] . Because they are native and biocompatible to the patient, there is minimized risk of immune rejection. They are also immediately available and do not require prior Food and Drug Administration (FDA) approval [4] . However, the additional surgery required to harvest the autologous grafts increases morbidity, and roughly a third of patients with vascular disease lack suitable vessels that can be used as grafts due to multivessel disease [5] .
Synthetic grafts such as expanded polytetrafluoroethylene (i.e. Gortex) or polyethylene terephthalate (i.e. Dacron) were first introduced in the 1950s as an alternative to autologous grafts. These have been clinically approved for large-diameter vessels, where the occurrence of thrombi is negligible due to high blood flow and low resistance. When used for the reconstruction of smalldiameter vessels (<6 mm), synthetic grafts have a low patency rate, with reported patency rates being 40% after 6 months and 25% after 3 years [6] . This is due to a compliance mismatch between the graft and native vessel, which creates turbulent flow at the anastomotic site, resulting in intimal hyperplasia, platelet activation, and thrombus formation [7] . For this reason, patients with synthetic grafts require prolonged anticoagulation regimens [3] .
Vascular tissue engineering offers promising approaches to generating biocompatible conduits that overcome the limitations of synthetic grafts. In this review, we will give a brief history of the approaches and advances in tissue engineering of vascular conduits, with a specific focus on the novel use of additive manufacturing methods to generate suitable grafts.
Tissue engineering
Tissue engineering is a specific domain in bioengineering that is focused on the development of artificial tissues or organs that can replace tissues in in vivo or in vitro models. Tissue-engineered vascular grafts (TEVGs) theoretically provide the promise of the low immune rejection rates seen in autologous grafts along with the commercial availability and mass reducibility of prosthetic grafts. The ideal TEVG should be biocompatible, non-thrombogenic, and have adequate mechanical strength to withstand pulsatile flow [4, 8] . Biocompatibility ensures that the grafts are non-toxic and do not induce inflammatory and/or immunogenic responses that may lead to graft rejection, while non-thrombogenicity is vital in maintaining the patency of the grafts [9] .
Successful TEVGs must mimic the in vivo physiologic properties of blood vessels, including compliance, tear strength, and burst strength. Native blood vessels rely on a combination of contractile smooth muscle cells (SMCs), collagen, and elastin to establish these normal physiologic parameters. In a similar manner, TEVGs also rely on SMCs and the extracellular matrix (ECM) proteins they produce to approximate the strength and elasticity of native vasculature. They must also be hemocompatible with the host and provide long-term stability by minimizing thrombosis. Theoretically, these risks can be mitigated by seeding the graft with endothelial cells (ECs), which are important regulators of vascular wound healing, chronic inflammation, and development of atherosclerosis [10, 11] . They also block exposure of von Willebrand factor, thus blocking inappropriate primary hemostasis. However, ECs notably have poor expansion potential, making them inadequate for matrix seeding. For this reason, endothelial stem cells and progenitor cells present a more promising option [12] [13] [14] [15] .
The traditional approach to fabricating TEVGs has focused on three major characteristics: a scaffolding system to support cell attachment and growth; a variety of cell types, most commonly ECs, SMCs, and fibroblast cells (FCs); and a conditioning phase that drives neo-tissue formation following exposure to physical and chemical signals [16] . While several different strategies exist for the creation of these artificial tissues, the most studied and effective approach entails overlaying cells onto preexisting matrices. This is typically achieved by seeding cells onto three-dimensional (3D) scaffolds that can be generated by electrospinning, decellularizing donor tissue, cell self-assembly, or biosynthetically via freeze drying, foaming, or rapid prototyping technologies [17] .
Scaffolds for TEVGs
Electrospinning technology is a physical process that involves stretching a viscoelastic solution into a solution jet under a high electrostatic force, thus solidifying it to form thin fibers [18] . The resultant fibrous scaffold matrices have a highly interconnected porous network, a high surface-area-to-volume ratio, and nanofiber structure that is similar to native ECM [16] . The polymer fiber size and scaffold thickness can be adjusted on the electrospinning settings (voltage, speed, time, and concentration of the polymer solutions), and the mechanical and biological properties of the electrospun vascular grafts can be tailored through the composition and combination of the polymers or copolymers [19] . They can also be easily modified with a variety of bioactive molecules to stimulate SMC penetration and enhance hemocompatibility. Although they attain the mechanical strength of native blood vessels, the polymeric scaffolds need to be composed of dense layers with small pore size and low porosity, which leaves limited space for cell infiltration in vivo, thus hindering cell migration [20, 21] . Moreover, they are slow degraders, and this impairs remodeling and integration with the host environments and decreases their biologically suitability as substitutes of native blood vessels.
A second way of preparing scaffolds for TEVGs is via decellularization of native tissues [16] . Decellularized blood vessels have the capacity to preserve native ECM components that are necessary for cell adhesion, migration, and proliferation. These acellular scaffolds possess the mechanical properties to endure normal blood pressure and the required biological properties to promote EC migration and proliferation. Gui et al. decellularized human umbilical arteries and showed that they retained their mechanical strength in vitro and, when re-endothelialized with a single layer of human umbilical vein ECs, they supported endothelial adherence. The decellularized human umbilical arteries were implanted into rats as abdominal aorta interposition grafts and remained functional and patent in vivo for 8 weeks [22] . Off-the-shelf decellularized native human vascular grafts (CryoVein and CryoArtery, Kennesaw, GA, USA) are commercially available from CryoLife and range from decellularized saphenous veins to descending thoracic aorta. CryoLife uses SynerGraft Technologies, Kennesaw, GA, USA, a patented decellularization technology, to create acellular grafts, and thus far >22 published clinical studies have been reported. In one clinical study, these cryopreserved allografts have been shown to be resistant to reinfection, thrombosis, and aneurysmal dilatation at the midterm follow-up (20 months after implantation) [10, 23] . This model has the advantage of reducing immunogenic reactions by stripping the cellular components of the ECM while preserving the mechanical strength. Although very promising, there is a limited access to human vessels that are free of disease and have the appropriate dimensions.
Tissue engineering by cell self-assembly was inspired by the clinical success of the use of epithelial cell sheets in the treatment of burn patients. These self-assembling scaffolds are composed of autologous cell-derived ECM sheets that are cultured in vitro [24] . After harvesting, the sheets can by manipulated into tubular vascular grafts.
L'Heureux et al. constructed TEVGs that were free of any synthetic biomaterials by wrapping human dermal FCs around a mandrel to create a tube structure [25] . These TEVGs are a good alternative to synthetic vascular grafts as they are non-immunogenic functional grafts with properties that are similar to autologous grafts. In fact, a clinical trial investigating the use of cell self-assembly TEVGs as arteriovenous shunts has demonstrated that they maintain high patency [16] . However, self-assembling vessels require 6-9 months of in vitro culture and cost >$15,000 per graft, thus limiting their use [10, 26] .
To overcome these limitations, there has been a recent focus on the generation of biosynthetic vascular grafts. In this approach, cells are cultured on a biodegradable polymeric tubular scaffold that allows for cell remodeling as the scaffold degrades. The cells are typically cultured over 8-10 weeks to form the wall of the TEVG. The vessel is subsequently decellularized, leaving only the ECM, and the scaffold can then be seeded with autologous endothelial progenitor cells [27] . Shin'oka and colleagues seeded autologous bone marrow cells onto degradable composite polymer scaffolds that could be tailored for greater porosity with larger pore sizes, which enabled cellular infiltration and migration [28] . These TEVGs were used as venous grafts and remained patent for 31.6 months. However, the diameter of the grafts increased with time to 110% of the implanted size. They also had weak mechanical strength, and were thus not suitable for arterial implantations [28] .
Most recently, Patel et al. described the "ring stacking method", whereby vascular tissue rings were stacked around a post into tubular structures, seeded with fibroblasts, and then stimulated to produce collagen [29] . Within 8 days, the grafts had matured into adventitia vessels. By 2 weeks of culturing, the vessels had increased ECM deposition and tensile strength. The burst pressures, however, remained below the burst pressure values of native human saphenous vein and artery. Table 1 shows a summary of the mechanical properties of the different types of scaffolds discussed. The above ways of generating TEVGs have been instrumental in bridging the gap between the need for vascular conduits and the scarcity of autologous grafts. Cutting through the diversity of TEVG designs, three universal development challenges exist: size limitations, time, and physiologic compatibility. Technological incapacity to adequately capillarize these artificial tissues results in insufficient nutrient and oxygen delivery, limiting sizes that can be achieved [40] [41] [42] . Furthermore, creating viable tissues can be a time-intensive process and this limits mass production. Lastly, a successful vascular graft must meet preexisting physiologic parameters necessary for blood vessels [8] . Therefore, there are still several hurdles for TEVGs to overcome before widespread dispersal and commercialization can be actualized. The advent of additive manufacturing technology promises new and exciting ways of fabricating vascular conduits, as it offers unprecedented capability to definitively deliver cells and biomaterials with precise control.
Additive manufacturing
Additive manufacturing, also known as 3D printing, is a rapid, reproducible, and accurate prototyping process whereby a printer layers successive 2D sections to construct a 3D object [43] . It was first described in 1986, when Charles W. Hull described a method called "stereolithography", whereby he cured thin layers of a material with ultraviolet light and then used photopolymerization to solidify a liquid monomer resin layer by layer, thus printing a solid 3D structure [28, 44, 45] . 3D printing has subsequently been applied in a variety of fields and has been particularly embraced in the medical field to overcome some of the challenges associated with traditional tissue engineering methods.
In medicine, 3D printing has been used to create models that have been used both in medical education and clinical practice. 3D printed anatomical models have enabled the production of accurate anatomical structures at a relatively low cost, thus enabling learners to gain an appreciation of normal and pathological variations of several conditions [46] . It has also been used in the planning of complex surgical procedures, as it enables the visualization of complex underlying pathological structures, thus enhancing intraoperative guidance and surgical outcomes [47] [48] [49] [50] . Additionally, 3D printing has greatly advanced the production of prostheses. Due to the decreased production time and cost, it has been possible to print personalized medical implants that are specifically designed to fit the recipient's anatomy. These have included bone plates, tracheal splints [51] , heart valves, and spinal implants [46, 52, 53] .
Advances in 3D printing have led to bioprinting, whereby computer-aided transfer and build-up processes are used for the precise layer-by-layer positioning of biological materials and living cells with spatial control of the placement of functional components to generate 3D structures [17, 44, 54] . This leap in tissue engineering has the potential of fabricating tissues and organs that can then be implanted in patients and maintain mechanical and physiological functions. In 2007, De Coppi et al. at Wake Forest Regeneration Medical Center used a 3D inkjet printer to print human amniotic fluid stem cells onto a scaffold, and exposed the scaffold/cell constructs to an osteogenic differentiation medium for 1 week. The 3D printed constructs subsequently differentiated into functional bone tissue that exhibited high density and strength [55] . Since then, several bioprinting strategies, cell types, and scaffolds have been employed to make 3D biological constructs.
Bioprinting strategies
There are three main types of bioprinting techniques currently used: inkjet bioprinting, microextrusion bioprinting, and laser-assisted bioprinting (Figure 1) . Inkjet bioprinting is a non-contact technique whereby picoliter droplets of bioink-containing cells or other biological factors are layered onto a substrate to generate 2D and 3D structures [56, 57] . Tissues are fabricated from the "bottom-up", with the bottom layers being printed first and sequential layers printed on top of previous layers [58] . It has the advantage of being able to yield high-resolution structures at fairly low cost and high speed. It is also possible to engineer variations in surface concentration through overprinting at different drop densities [59] . However, the fact that bioink has to be in liquid form to enable droplet formation and then form a solid structure often compromises the structural organization and functionality of the printed structures. This can be overcome by using materials that can be cross-linked after printing using chemical, pH, or ultraviolet mechanisms [54] .
Microextrusion 3Dbioprinters are the most commonly used (Table 2) . These work by dispensing continuous filaments of a material consisting of cells mixed with hydrogel through a micronozzle to create 3D structures [56] . As microextrusion bioprinters generate continuous beads of biomaterial (as opposed to droplets generated by inkjet printers), high-viscosity biomaterials such as hydrogels and dense cellular spheroids can be printed, thus allowing for the printing of structures with physiological cell densities that can replicate the mechanical and functional properties of tissue ECM [54, 57, 60] . One drawback of this method of bioprinting is decreased cell viability. In comparison to inkjet bioprinting, micro extrusion bio printing has cell survival rates that range from 40% to 86%, with the rate of cell survival decreasing as the extrusion pressure and nozzle gauge increase [61, 62] .
Laser-assisted bioprinting is less common than inkjet and microextrusion, but its use in the field of tissue engineering has been steadily increasing. It is based on the principles of laser-induced forward transfer [63] and consists of a pulsed laser beam, a focusing system, a ribbon made from glass covered with a laser-energy-absorbing layer such as gold or titanium, a layer of biomaterial containing cells and/or hydrogel, and a receiving substrate facing the ribbon. Laser pulses are focused on the absorbing layer of the ribbon to generate a high-pressure bubble that propels the biomaterial toward the collector substrate [54, 57] . As with microextrusion bioprinting, there is the drawback of lower cell viability in the printed hydrogel in comparison to other inkjet mechanisms [57] . Because this method of bioprinting is nozzle-free, there is very little to no clogging with cells or biomaterials as in the other two bioprinting methods. Moreover, it is possible to deposit cells at a density of up to 10 8 cells/mL with microscale resolution of a single cell per drop [64] .
Bioprinting scaffolds
As discussed above, scaffolds have thus far played an important role in tissue engineering, most notably as matrices onto which cells can be loaded. They serve as templates that not only provide mechanical support but also facilitate cell adhesion, proliferation, and expansion throughout the structure before the cells develop their own ECM [65, 66] . As such, an ideal scaffold should be temporary and be composed of a material that can disappear through dissolution or degradation as the cells produce their own ECM [59] .
Scaffolds for 3D bioprinting can be made from natural polymers or synthetic polymers. Natural polymers such as alginate, gelatin, collagen, fibrin, and hyaluronic acid are often isolated from human or animal tissue. They are similar to ECM and have inherent bioactivity, thus facilitating the creation of an environment close to native ECM in which cells can be guided to create new tissue with appropriate function [66] . Synthetic polymers such as polycaprolactone, polylactic acid, polyethylene glycol, and polyglycolic acid are attractive because it is possible to optimize their chemical and physical properties to suit particular applications [67] . However, they have poor biocompatibility and often degrade into toxic products, losing their mechanical properties in the process. Nevertheless, these are both hydrophilic and absorbent, and remain commonly used due to the ease of controlling their physical properties during synthesis [54] .
Bioink and hydrogels
In recent years, there has been a shift toward scaffoldfree 3D printing and a focus on optimizing the bioink used for printing, mainly because the absence of a scaffold eliminates the problem that arises from degradation product biocompatibility. Bioink is essentially a biomaterial and aggregates of spheroids or cylinders composed of dense cellular slurry that can be used to print a desired structure. Ideally, the biomaterial should provide the initial mechanical and structural support for the cells, and should contain biomolecules that can provide the necessary biological cues for tissue growth. The cells used should be consistent in size, and the cell types used should be consistent with the tissue or organ to be printed. After printing, the cells usually start production of their own ECM, thus providing the support structure that an exogenous scaffold would have provided [43, 68] . As such, material characteristics to consider when choosing a bioink mixture include the printability and functionalizability of the mixture as well as degradation kinetics and by-products if degradable material is incorporated into the bioink [54, 69] . A major challenge when choosing which bioink to use for bioprinting is the limited availability of bioinks that fulfill the above criteria and simultaneously provide the required environment for cells to differentiate toward the desired lineage [53] . One way of overcoming this is through the incorporation of hydrogels into the bioink mixtures. Hydrogels possess high water content and have biocompatible and mechanical properties that are similar to those of natural tissues. Addition of hydrogel to the cellular slurry prior to the gelling process and subsequent printing allows for homogenous distribution of the cells throughout the gel [67, 70] . Shear-thinning materials such as Pluronic, polyethylene glycol, and gelatin (which is biodegradable denatured collagen) are often used as hydrogels because they possess liquid-like behavior under high shear stress during the extrusion process but can quickly recover their gel state after bioprinting, hence providing structural integrity and preventing the structure from collapsing [65] . Hydrogels that are synthesized from natural polymers such as collagen, fibrin, and hyaluronic acid are derived from the various components of the ECM and therefore serve as effective matrices for cellular growth and provide space filling for future tissue ingrowth.
Advances in bioprinting of vessels
With the advances in 3D printing discussed above, additive manufacturing has subsequently been used to fabricate a variety of organoids and tissues [53] . In the field of bioprinting vascular conduits, there have been two major parallel approaches when it comes to generating artificial blood vessels: generation of interconnected vessel systems and channels, and the generation of free-standing individual vascular conduits. The former arose from a need of perfusing bioprinted organs, and fabrication of perfusable channel systems proved to be the most direct way of enabling O 2 and CO 2 exchange and nutrient supply within the bulk of 3D printed tissues [17] .
One such approach to generate blood vessels in artificial tissue is based on the ability of ECs to organize into blood vessels autonomously. In 2009, Cui and Boland used a modified thermal inkjet printer to deposit human ECs along micron-sized fibrin channels. The printed ECs aligned themselves inside the channels and proliferated to form a confluent lining along with the fibrin scaffold after 21 days of culture, and fabricated microvasculature showed both structural integrity and functionality [71] .
Li et al. used a double-nozzle system to print a hybrid hepatocyte/hydrogel construct with a vascularlike conduit. To do this, they combined adipose-derived stromal cells with a gelatin/alginate/fibrinogen hydrogel to form a vascular network, and hepatocytes combined with gelatin/alginate/chitosan hydrogel were placed around this vascular network. The construct was stabilized in a thrombin/CaCl 2 /Na 5 P 3 O 10 solution after assembly, after which the adipose-derived stromal cells were induced to differentiate into endothelial-like cells. After 2 weeks of culturing, the hepatocytes within the construct were observed to perform liver-like metabolic functions and the adipose-derived stromal cells at the periphery of the vascular-like network demonstrated endothelial-like cell properties [72] .
Miller et al. first demonstrated the use of sacrificial 3D printing as a means of fabricating a vascular network. Their approach involved printing rigid filament networks of carbohydrate glass, which were used as a cytocompatible sacrificial template in engineered tissues to generate cylindrical networks. Once printed and hardened, the carbohydrate glass lattice was uniformly embedded in a soluble ECM that cross-links around the print. The sacrificial print was then dissolved and flushed away with water, and the residual hollow microfluidic channels were seeded with ECs, thus creating a vascular bed. The resultant cylindrical network was perfused with blood under high-pressure pulsatile flow and was able to sustain the metabolic function of primary rat hepatocytes in engineered tissue constructs. Notably, this method allows for the independent control of network geometry and is compatible with a wide variety of stromal/parenchymal cell types, ECMs, and cross-linking strategies [73, 74] .
As discussed above, the classic approach to 3D bioprinting has been scaffold based, and involves employing synthetic or natural tubular scaffolds seeded with appropriate vascular cells [75, 76] . However, vascular grafts bioprinted on scaffolds have had the same limitations that face scaffold-based structures used in traditional tissue engineering. Most notably, the degradation of scaffold material often interferes with normal tissue maturation, leading to inflammation and mechanical failure of the grafts [77] . For this reason, there has been a shift toward scaffold-free bioprinting of vascular grafts.
In 2012, Marga et al. described their method of constructing scaffold-free bioprinted vascular constructs that comprised vascular SMCs, ECs, and dermal FCs. They used the Novogen MMX bioprinter (Organovo, San Diego, CA, USA), which has two printing heads, one that prints cellular material and the other prints cell-inert hydrogels. They made cylindrical bioink units comprising human aortic SMCs, human aortic ECs, and human dermal FCs, which they co-printed with cell-inert NovoGel (Organovo) onto central NovoGel rods. These grafts were matured in a bioreactor for 3 weeks and perfused with laminar and pulsatile flow for biomechanical stimulation of ECM formation. Immunohistochemical staining of the grafts showed that within 2 weeks of perfusion, the human ECs had formed networks that mimic the vaso vasorum of native vessels. These grafts also had mechanical strength that enabled them to withstand pressures of up to 773 ± 78 mmHg at 21 days [68] .
Similarly, in 2015, Kucukgul et al. used computeraided algorithms to 3D bioprint hybrid cell and biomaterial scaffold-free macrovascular structures. They used medical imaging techniques to obtain the geometric and topological information of the targeted vascular tissue. They generated a computer model mimicking the abdominal aorta and optimized a 3D bioprinting path plan, which they used to print mouse embryonic FC aggregates and hydrogel support structure in a layer-by-layer fashion using the Novogen MMX bioprinters to form an aortic tissue construct [78] .
Future directions
In light of recent advances in the field of 3D bioprinting of individual vascular conduits, the field is moving toward improving completely scaffold-free ways of bioprinting. The use of prefabricated multicellular building blocks such as cell sheets, spheroids, and tissue strands enables the fusion of these building blocks into larger cohesive constructs [70, 79, 80] . A major milestone in scaffold-free bioprinting of vascular grafts is the microneedle-based "Kenzan" method. This method employs the Regenova 3D bioprinter to print spheroids as predesigned tubular constructs using stainless-steel microneedles ("Kenzans") as temporary support [81, 82] . Cell spheroids derived from human umbilical ECs, SMCs, and FCs have been printed using this technique. The resultant tubular structures were perfused for 7 days, after which they were implanted into the abdominal aortas of nude rats. The grafts remained patent for 5 days and had EC redistribution to an intimal layer on immunohistological staining. However, there was significant enlargement of the graft lumen and thinning of the wall, and this led to the termination of the experiment [83] .
Another novel approach to scaffold-free bioprinting of vascular grafts involves the use of magnetic 3D printing. This involves assembling 3D cellular structures via magnetic levitation in the presence of paramagnetic agents, such as FDA-approved gadolinium chelates. The assembly and close interaction of cells at a certain levitation height where the magnetic force is equilibrated with gravitational force triggers the formation of complex 3D cellular structures that are capable of secreting their own ECM [84, 85] . Tseng et al. used magnetic bioprinting to print rings of vascular SMCs that mimic blood vessel segments structurally and functionally. These grafts had altered dynamics of contraction in response to a diverse set of vasodilators and vasoconstrictors, and immunohistochemical and gene expression profiling showed that their contraction properties were consistent with known vasoactive responses of blood vessels [86] .
Our group is now taking advantage of these scaffoldfree approaches and is bioprinting undifferentiated cylindrical vessels using a bioink containing both SMCs and FCs. To accomplish this process, we use an Organovo dualhead printer (Figure 2 ) to apply the appropriate cell types in a soluble support solution to create the conduit. Using this approach allows us to generate a complete cylinder in ~6 min. The lengths of the bioprinted vascular conduits can be of variable lengths, ranging from 10 cm to as short as 10 mm (Figure 3) . The prints are then allowed to stabilize for 24-36 h. With this new fabrication technology, we are now able to generate a larger number of viable prints in a very short time without the need for a bioreactor, significantly reducing the time needed for the 3D bioprinted vascular grafts to mature into viable conduits. Preliminary data show that the prints remain patent after printing, and have the tensile and mechanical strength similar to native blood vessels. The lack of scaffold eliminates the toxicity associated with degradation of scaffold material and renders the prints suitable for transplantable vascular grafts in vivo. Clearly, this is just the beginning of using this new technology for printing and developing complex biological materials for biological use.
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